images could be reconstructed from a rubber phantom and an ex vivo animal. Conclusion CEA MRI can be implemented in clinical MRI systems using active decoupling with parallel transmit array capabilities with minor hardware modifications.
Introduction
In this work, a novel method for decoupling of transmit and receive coils is proposed that can be used to implement magnetic resonance imaging (MRI) with concurrent excitation and acquisition (CEA). In conventional MRI systems, time interleaved excitation and acquisition is used, and transmit and receive circuitry are separated electronically by transmit-receive (T/R) switches and detuning circuits. With the growing interest in MRI of tissues with short T 2 * components such as bones, cartilage, tendons, and lungs, currently used interleaved MRI techniques and hardware introduce unwanted dead times between RF excitation and data acquisition [1] .
Ultimately, the dead time (or acquisition delay) between the end of RF excitation and the start of data acquisition sets a limit to the lowest achievable echo time (TE) or results in missing data points at the center of k-space. Major sources of dead time are T/R switching, analog-to-digital converter (ADC) filtering, and the coil ring down time [2] , which can amount to 40 μs or more in clinical MRI systems. Dead times can be reduced significantly by special hardware [3] , and there are time-interleaved acquisition techniques that use strong gradient fields to resolve signals from short T 2 *
Abstract
Objective Implementation of a decoupling method for isolation of transmit and receive radio frequency (RF) coils for concurrent excitation and acquisition (CEA) MRI in samples with ultra-short T 2 *.
Materials and methods
The new phase and amplitude (PA) decoupling method is implemented in a clinical 3T-MRI system equipped with a parallel transmit array system. For RF excitation, two transmit coils are used in combination with a single receive coil. The transmit coil is geometrically decoupled from the receive coil, and the remaining B 1 -induced voltages in the receive coil during CEA are minimized by the second transmit coil using a careful adjustment of the phase and amplitude settings in this coil. Isolation of the decoupling scheme and transmit noise behavior are analyzed for different loading conditions, and a CEA MRI experiment is performed in a rubber phantom with sub-millisecond T 2 * and in an ex vivo animal. Results Geometrical (20 dB) and PA decoupling (50 dB) provided a total isolation of 70 dB between the transmit and receive coils. Integration of a low-noise RF amplifier was necessary to minimize RF transmit noise. CEA MR materials [4] , and pure phase encoding techniques which utilize rather moderate gradient strengths [5, 6] . Although line broadening effects of short T 2 * samples reduced with increasing maximum gradient strength, hardware limitations such as the acquisition delay still impose a lower limit on the shortest detectable T 2 * value. However, CEA is an alternative approach where radio frequency (RF) excitation and data acquisition are performed concurrently.
CEA was historically the first MR technique, which at that time was called continuous-wave (CW) nuclear magnetic resonance (NMR). It has been extensively used to spectroscopically investigate solid materials with ultrashort T 2 * [7, 8] , and has been adapted to 1 H and multinuclear imaging to utilize the fact that CW NMR mitigates the dead time between RF excitation and signal acquisition [9] [10] [11] [12] . Although outdated, CEA remains an active area of research, because it has advantages over interleaved NMR methods: CEA allows for the detection of structures with ultrashort relaxation times, and the peak RF power can be reduced to the order of one hundred milliwatts. Although CEA has been applied to study industrial products and solid state materials with very short T 2 *, it can potentially also be used in in vivo studies, in which interleaved techniques such as ultra-short echo time (UTE) or sweep imaging with Fourier transform (SWIFT) techniques are limited. In interleaved sequences, signals decaying more rapidly than the system dead times cannot be detected, whereas CEA continuously monitors the MR signal even during RF excitation. Thus, tightly bounded water in bone, for example, is not visible with interleaved NMR approaches [13] [14] [15] [16] [17] , and new contrast mechanisms and novel sequences may be developed with further research on CEA.
Methods proposed for the implementation of true CEA include geometric decoupling [18] , sideband excitation [19] , and hybrid coupler isolation [20, 21] . In geometric decoupling, separate transmit and receive coils are placed orthogonally to each other around the imaging volume. With this orthogonal setup, the cross-talk between transmit and receive coil is minimized so that the unwanted RF excitation signal is highly suppressed during data acquisition. Sideband excitation uses off-resonant excitation on the order of a few megahertz, and filtering in the time domain. However, off-resonant excitation increases the RF power that is required to achieve flip angles comparable with onresonant excitation. In addition, the sample will experience an unwanted Bloch-Siegert shift during off-resonant excitation, and the hardware required can be complex in clinical applications. Alternatively, a hybrid coupler system can be connected to the RF coils to suppress the excitation field below the dynamic range of the receiver. The hybrid coupler has a phase difference of 180° between the RF input port and the output port to the receiver circuitry. The hybrid coupler subtracts the acquired signal, which is the additive combination of the MR signal and the RF excitation from the input RF excitation signal. Due to non-idealities in the circuit and the frequency dependency of the hybrid coupler, the unwanted RF excitation signal often leaks through to the receiver due to the limited isolation (maximum of 30-40 dB isolation is reported in Idiyatullin et al.) . Thus, the MR signal needs to be extracted from the acquired data by a cross-correlation technique. Hybrid coupling has additional disadvantages: (1) the need for high dynamic range receiver electronics, (2) extremely accurate tuning of the isolator, which is sensitive even to small changes in coil impedance, and (3) contaminations of the acquired signal by imperfections of the RF excitation field.
In this study, CEA is implemented by combining geometric decoupling with a novel method that adjusts the relative phase between two separate transmit coils. This method attempts to cancel the B 1 -induced currents on the receive coil by an appropriate adjustment of the amplitudes and phases of the transmit coil array input currents [22, 23] . The method was tested for CEA imaging of a short-T 2 * phantom and an ex vivo mouse in a 3T clinical MRI system.
Theory

Decoupling of RF coils with additional decoupling coils
It was recently shown that a parallel transmit array system can be used to cancel RF currents that are induced on a bare wire [24] . In this work, this concept is adapted to cancel the RF currents that are induced on a loop receive coil. In general, the combined RF field generated by a set of transmit RF coils induces a current in a resonant receive coil, which is observed at the output of the receive coil as a B 1 -induced voltage. Using an additional set of transmit coils, which are called decoupling coils, it is possible to cancel the B 1 -induced currents in the receive coil by adjusting their RF phases and amplitudes. For a transmit array system with N coils, some of which are used as transmit coils and some as decoupling coils, the total current I induced in a receiver coil can be expressed as:
Here, I n is the B 1 -induced current, and a n is an arbitrary complex coupling coefficient for the nth transmitting coil, which represents the geometric and electromagnetic factors that affect the amount of coupling between the receive coil and the nth transmit coil.
In its simplest form, the phase and amplitude (PA) decoupling system can be implemented with two transmit coils-one to apply the RF excitation, the other for
a n I n = 0 decoupling. By adjusting the amplitude and phase a 2 of the decoupling coil, one can theoretically achieve a cancellation of the total current in the receive coil: a 1 I 1 + a 2 I 2 = 0. In practice, it is sufficient to measure the voltages that are induced by each of the transmit coils individually, and to solve for the two parameters c and θ.
Application to MRI with CEA
A CW-NMR experiment can be modeled as a linear system in which the input is the B 1 excitation signal and the output is the convolution of the system response (FID) and the input B 1 , which is a chirp signal that covers a certain frequency range [4] . For short T 2 * values and small tip angles, approximations can be used to account for the linearity condition during CW excitation [5] . In a CEA experiment, the acquired MR signal, s(t), can be written as an additive combination of the convolution signal and a frequencydependent leakage component A(t), which is the remaining B 1 -induced voltage due to imperfect decoupling:
The symbol ⊗ stands for the convolution operator. The leakage can be determined experimentally by a system response h(t), which is the time-dependent response of the data acquisition system to the B 1 -induced signal voltage. Because the frequency is swept linearly through time, the leakage response can also be treated in the frequency domain, which is an intrinsic property of the chirp signal. h(t) can be measured separately in a CW-NMR experiment provided that no MR signal exists in the acquired signal, such as when the sample is removed. The ratio of the frequency sweep range f s and the total RF duration t acq is regarded as the frequency sweep rate.
Materials and methods
Decoupling of RF coils
All CEA experiments were conducted using a Siemens (Erlangen, Germany) Magnetom 3T clinical MRI system with an eight-channel parallel transmit array unit. The parallel transmit system was used because it allows for an independent control of multiple Tx channels, and in order to facilitate RF supervision of multiple Tx channels the system allows for a concurrent signal reception during RF
excitation, which is not possible with conventional MRI hardware of the same manufacturer. The coil setup for the CEA experiments consisted of a primary transmit coil (Tx coil-1), a decoupling transmit coil (Tx coil-2), and a receive coil (Rx coil), which is the most simple implementation of the proposed CEA concept (Fig. 1 ). All RF coils were constructed from adhesive copper tape (3M 1182, 8-mm width) on proton-free glass plates to eliminate the background signals from polymers with very short T 2 * values (Fig. 2) . The octagon-shaped RF coils have diagonal lengths of 10 and 15 cm for the Rx coil and the Tx coils, respectively. For 3D MRI experiments, circular RF coils which have diameters of 5 cm and 10 cm for the Rx coil and the Tx coils, respectively, are used. All coils are initially tuned to the proton resonance frequency at 3T of 123.3 MHz. Several measures were taken to maximize decoupling between the Tx coils, and between Tx coil-1 and the Rx coil:
1. Tx coil-1 and -2 are decoupled from each other by capacitive decoupling [25] . Therefore, the coils were connected (see connection between Tx coil-1 and -2 in Fig. 2 ) and a capacitor was added so that the coupling parameter S 12 was minimized. With a value C = 88 pF, a decoupling of 15 dB was achieved. 2. Tx coil-1 and the Rx coil were decoupled geometrically by placing the coil planes orthogonally to each other, with the Rx coil at the mid-plane of Tx coil-1 (cf. Fig. 1 ), which, in the ideal case, nulls the magnetic flux in the Rx coil. In practice, the field polarizations are not ideally linear [26] , which limits the achievable amount of decoupling. 3. The remaining B 1 -induced current of Tx coil-1 in the Rx coil is cancelled by adjusting the phase and amplitude Note that the geometrical decoupling between Tx coil-1 and the Rx coil has already significantly reduced the B 1 -induced transmit signal, and, thus, Tx coil-2 can be driven at an input power level that is much lower than that of Tx coil-1. 4. In addition, the decoupling coil Tx coil-2 was slightly detuned (Δf = 2 MHz, S 11 (123 MHz) = −3.2 dB) to reduce mutual coupling with the Rx coil. If Tx coil-2 and the Rx coil are weakly coupled, the sensitivity of the Rx coil is maintained, as no resonance shift occurs.
Due to the low input power applied to Tx coil-2, the flip angle in the sample is mainly determined by Tx coil-1, and the RF transmit field of Tx coil-1 is nearly unchanged. Thus, the magnetization in the sample is still excited by the transmit RF field and an MRI signal can be detected by the Rx coil even during RF excitation. In addition, the orthogonal placement not only reduces the RF signal coupling, but also noise coupling between the RF transmitter and the Rx coil.
Because the commercial RF power amplifier (RFPA) of Tx coil-1 induces high levels of noise up to 400 mV pp , it was replaced by a home-built 100-mW low noise amplifier (LNA) with a gain of 15 dB and a noise figure of 3 dB. The LNA was designed as a single-stage amplifier using a BFG135 bipolar transistor with input and output matching [27] . Tx coil-2 required much lower RF power levels, and was, thus, directly connected to the modulator output of the second transmit channel (Fig. 2) .
The following steps were performed to set up and characterize the coil decoupling:
• To maximize the geometric decoupling, the total unloaded coil setup was placed on the patient table at the iso-center of the magnet. Then the Tx coil-1 was connected to the RF transmitter via the LNA, and the RX coil was connected to a digital oscilloscope (DSO6104A Agilent). The Rx coil was then slowly rotated, and the amount of decoupling was noted as a function of the relative angle between the coils. The rotation was done first in steps of 5°, which was refined close to the minimum steps of 1°. Then the Rx coil was fixed at the angular position, in which the B 1 -induced voltage was minimal.
• The phantom (see below) was then placed at the imaging volume of the setup for the subsequent PA decoupling calibration to take into account the effect of the conductive sample in the decoupling.
• To adjust the PA decoupling parameters c and θ from Eq. 2, RF power was individually applied to Tx coil-1, and to Tx coil-2. Then c was calculated from the ratio of the peak voltages, and the phase θ was first adjusted experimentally via the user interface of the parallel transmit system until the output voltage at the Rx coil was at the noise level of the oscilloscope output (V pp = 2 mV).
• To increase the sensitivity, the Rx coil was then connected to the MR receiver via a home-built ultra-low noise preamplifier (ULNA, gain 25 dB, noise figure 1 dB). The decoupling was further improved by fine-adjusting the PA decoupling parameters c (sensitivity 0.001/3 ±0.5 dB for a 4-V peak RF voltage signal) and θ (sensitivity 0.01°/3 ±0.5 dB) iteratively at the Tx array console, until the received signal was close to the noise Fig. 2 Schematic of the system setup. The transmit array control unit controls the amplitude and phase as well as the envelopes of the RF waveforms via a modulator. The output of the one of the modulators is amplified by a home-built low noise preamplifier (LNA). An oscilloscope is used to check the voltage levels at the modulator outputs and at the receive coil output in real time. Once the signal voltage level at the receive coil output is reduced to the dynamic range of the receiver circuitry of the scanner, the receive coil is connected to the scanner via a home-built ultra-low noise preamplifier (ULNA) 1 3
level. The degree of decoupling was plotted as a function of θ using both the oscilloscope data and the ULNA measurements.
After optimization of the individual decoupling steps, the decoupling schemes were combined to show that CEA is possible in clinical MR systems with minimal modifications.
To provide absolute values for the flip angle, we used Klose's method [28] , in which the magnetization was prepared with the chirp pulse, and the remaining longitudinal magnetization was read out as a free induction decay (FID) signal (S1). The experiment was repeated without preparation (S2), and the effective flip angle was calculated from the signal ratio: alpha = arccos(S1/S2).
Transmit noise
To characterize the noise from the RF transmitter during CEA, RF noise was measured as the standard deviation of the acquired CEA signal from a rectangular RF pulse. Data were acquired for different decoupling conditions: PA decoupling with 20, 10 dB and no geometric decoupling. Signal noise was measured for an RF pulse with a U = 0 V amplitude and for a coil setup in which the transmit sources are unplugged.
Concurrent excitation and acquisition
The coil setup was loaded with a cylindrical glass of tap water (glass diameter of 50 mm). After the decoupling procedure was carried out as described above, CEA projection data were acquired in the presence of a gradient (Fig. 3) . Therefore, a chirp RF pulse of U peak = 1 V was applied with a duration of 8.2 ms and a 8-kHz sweep range, and the gradient amplitude was set to 10 mT/m. Using the B 1 mapping data, this pulse provides a flip angle of 12° at the center frequency. The data acquisition was started 100 μs after the beginning of the chirp pulse, and 256 data points were sampled over a total period of 8 ms. To be able to subtract remaining background signal from insufficient decoupling, the experiment was repeated without the sample to acquire the system response h(t) (cf. Theory).
During subsequent imaging reconstruction, the reference raw data without a sample were first subtracted from the corresponding data taken with the sample. Then, a deconvolution was performed as outlined in Eq. 3, resulting in radial projection raw data, as would have been acquired with a conventional 2D radial MRI sequence. The deconvolved data were then mapped onto a Cartesian grid using re-gridding, and an inverse Fourier transformation was applied [29] . Data processing from raw data to the FID and the projection data is presented for a water sample in Fig. 6 .
In a second experiment, the coil setup was loaded with a thin rubber sample (5 × 3 × 0.8 cm 3 ), which was chosen because it has a very short T 2 * of 500 μs (measured independently). Several holes (diameters 0.1-0.4 cm) were drilled into the sample to provide an inner structure. The acquisition was repeated by rotating the gradient direction radially over 768 angular values (2D radial sampling), resulting in a total acquisition time of 768 × 200 ms = 2:34 min:s. An image of the rubber phantom was reconstructed from the CEA data as described above.
CEA pulse sequence was modified to employ a 3D radial k-space trajectory [30] . Ex vivo adipose APOE mouse (65 g body weight) was imaged to demonstrate that the setup can also be used with more realistic objects. The setup was improved with HD24388 (gain 23 dB, noise figure 0.7 dB) and HD29980 (gain 36 dB, noise figure 1.0 dB) amplifiers (HD Communications Corp. Ronkonkoma, NY) at both transmit channels. 100,000 radial spokes were acquired during chirp RF excitation spanning 40 kHz over 4 ms. In time interleaved mode, this pulse produced a 9°-flip angle at a homogenous phantom. Maximum gradient strength was set to 24 mT/m, and 512 points per spoke were acquired. Spoiler gradients of 24 mT/m amplitude and 4 ms duration were applied following each acquisition. A TR of 20 ms resulted in total acquisition time of 33 min. The image was reconstructed onto a 512 × 512 × 512 Cartesian grid using a Gaussian gridding kernel. For anatomical reference, a 3D GRE sequence with FOV = 120 mm, TR = 7 ms, TE = 2.21 ms, flip angle = 30°, a 400-Hz/Px bandwidth, a 0.4-mm resolution and a 0.5-mm slice thickness was applied.
The effect of the transmit system instability on the acquired signal after decoupling was also demonstrated by a simple CEA experiment. The B 1 -induced leakage signal was acquired at 1-min steps while keeping the entire 
Results
Decoupling of RF coils
Geometric decoupling reduced the induced voltages in the receive coil from 80 ± 5 to 8 ± 1 mV pp , and PA decoupling further decreased the voltage to less than 10 μV pp . Thus, with the geometric decoupling alone, an isolation of 18 ± 3 dB was achieved, and PA decoupling additionally yielded an isolation of 52 ± 5 dB. In total, a decoupling of 70 ± 8 dB was possible with the proposed setup. For chirp pulses, PA decoupling deviated 10 dB over a 30-kHz bandwidth. The resulting plot of the geometric decoupling is shown in Fig. 4 , and the plot for the PA decoupling using the multichannel transmission system is shown in Fig. 5 . Voltage levels and decoupling values are given as an average over 60 repeated measurements.
From the B 1 mapping experiment, the B 1 magnitude of the rectangular RF pulse in the CEA experiment was calculated as 0.1 μT for a rectangular RF pulse of an 8-ms duration and a U peak = 1 V pp . Note that B 1 was calculated only for Tx coil-1.
Transmit noise
Without geometric decoupling, the standard deviation of the acquired CEA signal was 14 μV; with 10-and 20-dB geometric decoupling, the standard deviation was 11 and 3 μV, respectively. The acquired signal voltage levels were the same when the transmit system was driven with an RF pulse with a zero amplitude, and when the transmit system was turned off and unplugged. Therefore, it was concluded that the transmit noise-induced voltage does not exceed the receive noise floor which is measured as 5 μV pp . Figure 6 shows the acquired raw data processed through leakage subtraction, a smoothing filter, and deconvolution. Contamination from a B 1 -induced leakage signal can be observed as a frequency-dependent DC offset in the raw data with the sample (Fig. 6a) . B 1 -induced leakage A(t) is 
Application to MRI with CEA
t) + A(t). b Measured input B 1 waveform as a chirp function representing a leakage signal that is convolved by the system's response function: A(t) = h(t) ⊗ B 1 (t). c Acquired signal after the leakage subtraction: s(t) − A(t) = FID ⊗ B 1 (t). d
Fourier transform of the estimated FID signal after deconvolution: (B 1 (t) ). e Single-sided FID signal, which is an approximation of the actual FID: FID measured by repeating the same acquisition after the sample is removed (Fig. 6b) . Subtraction of the waveforms results in the signal waveform without contamination, as is shown in Fig. 6c . The remaining DC offset in the data was also subtracted before the next step. Deconvolution was then performed in the Fourier domain using the analytical expression for the chirp pulse B 1 (t) from Eq. 3 as the deconvolution kernel yielding a radial projection of the data (Fig. 6d) . For gridding reconstruction, an inverse Fourier transform was performed to obtain the frequency-encoded FID signal (Fig. 6e) . The reconstructed CEA image after re-gridding is shown in Fig. 7 . The rubber phantom with all its inner structures is clearly visible, and some blurring is observed at the edges of the phantom.
Center slices of 3D GRE and CEA data are shown for a sagittal plane in Fig. 8 . The anatomical details are available in GRE images. The artifacts and the blurring together result in loss of significant anatomical details, yet the major structures are visible in the first proof-of-principle 3D CEA image slice. The left kidney of the mouse is pointed and visible in both images. The contrast properties of the CEA image require further analysis.
The unstable nature of the RF transmit system is observable in Fig. 9 even with the achieved decoupling during RF excitation. In acquisition of each spoke, there would be minor deviations in the B 1 -induced leakage signal. Fig. 9 Variation of B 1 -induced leakage signal over subsequent measurements after decoupling. Due to the deviations in the leakage signal, the resulting images are prone to artifacts since the leakage signal is assumed to be constant during the acquisition of the entire k-space
Discussion
In the past, hybrid coupler decoupling was proposed by Idiyatullin and coworkers to reduce B 1 -induced signal leakage in CEA MRI [15] . In their work, they achieved a maximal decoupling of 40 dB, which necessitated the use of additional subtraction techniques to be able to reconstruct meaningful MR images. In this work, higher decoupling was achieved; however, a subtraction was still needed to remove the remaining B 1 -induced leakage signals. Nevertheless, the increased decoupling in this work provides a better use of the dynamic range of the receiver, which will translate directly into an increased image dynamic range. Note that the dynamic range can be traded off against sweep rate in chirped acquisitions, and, thus, the dynamic range per unit time could be used as a figure of merit for CEA acquisitions.
In this work, two subsequent data sets were acquired: One with the regular experimental setup and the other with the sample removed. Measuring the signal with an unloaded coil is a commonly applied technique [9] , although the leakage signal has also been described analytically in classical CW-NMR experiments [31] . This analytical approach would be advantageous for clinical applications since the additional measurements without coil loading can be avoided.
Minimization of the transmission noise is an important factor during CEA experiments. To minimize RF transmit noise, the conventional RF power amplifiers with 400 mV pp noise voltage were replaced with an LNA. The noise voltage of this LNA was less than 2 μV pp ; thus, for these experiments transmit noise was not the dominant factor in the acquired CEA signal. In general, a CEA system should always use very low-noise transmit systems, which might require replacing some components in the transmit chain of clinical MRI systems. The ultimate aim of providing transmit-receive isolation over 100 dB requires demanding hardware modifications as well. This includes employing amplifiers with flat gain over the excitation bandwidth, providing constant noise figures of less than 0.5 dB; additionally the phase-locked-loop (PLL) clock multiplier phase noise of the digital-to-analog converter modules, phase noise and jitter of the reference oscillators of the synthesizers should be minimized [32] [33] [34] using high performance products of RF communication electronics, such as yttrium-iron-garnet oscillators [35] and high electron mobility transistors [36] . In addition, advanced spurious signal control is required so that the overall noise floor of the signal generator unit is kept as low as possible. For experiments in humans, higher transmit powers are required, which would lead to an increase in the noise floor, if these experiment would simply be upscaled. However, using multiple small transmit coils with LNAs, as was done in this experiment, might yield sufficiently low noise floors-this will be investigated in future experiments.
In PA decoupling, different RF transmit systems are used. These RF sources have uncorrelated noise characteristics, and it is, therefore, not possible to decouple them with PA decoupling alone. In this work an orthogonal coil placement was therefore used that provides an additional decoupling mechanism. Another concept would be to reintroduce noise correlation by using a single RF source and later split the RF power to both transmit coils Tx coil-1 and -2. This would require a very stable RF amplifier, and additional phase and amplitude control units, but it would offer the opportunity to use the PA concept on every conventional MRI system without parallel RF transmitters.
To use the PA decoupling in clinical applications the PA decoupling must be stable over the total acquisition of the images. Decoupling instabilities could originate, for example, from transmit voltage fluctuations, frequency drifts in the modulators, phase noises based on oscillator infidelities, and time-varying cable interferences. These system instabilities can lead to time-varying leakage signals, so that a reacquisition of the subtraction signal A(t) might be required. This could be difficult to achieve in a clinical application, and, thus, it needs to be investigated as to whether the original time course A(t) can be adapted numerically (e.g., by scaling) to small changes in the decoupling. In these pilot experiments, the acquisition time for a CEA data set was more than 2 min due to the relatively long repetition time of 200 ms, which was chosen to maximize the MR signal. In a clinical routine, much shorter TRs are used, so that CEA MRI measurements will become less susceptible to long term fluctuations of the decoupling, which are demonstrated in Fig. 9 . If the B 1 -induced leakage deviates at each acquired spoke, the resulting k-space would be contaminated by undefined frequency modulations which might result in artifacts effecting low or high frequency information content. Therefore, a more comprehensive treatment of B 1 -induced leakage subtraction is necessary in advance to further applications of the method. For large bandwidth applications (i.e., in vivo), it is important that the decoupling over the excitation bandwidth is sufficiently high to keep the signal within the dynamic range of the receiver.
During patient motion, PA decoupling may be variable, as was reported for the change of the coil s-parameters and impedance due to breathing motion [37] [38] [39] . These motioninduced load changes were on the order of a few percent, which would not exceed the dynamic range of the receiver in our experiment. The difference in isolation between two extreme cases of a fully loaded coil and an unloaded coil was less than 20 dB, and the leakage signal was still within the receiver dynamic range. Nevertheless, a real time monitoring of the loading (as was discussed in [40] ) along with a feedback system would definitely increase the robustness of the active decoupling system against motion.
In this work, we used custom-designed RF amplifiers. Even though care was taken to operate them in their linear regime, non-linearities cannot be fully excluded. In commercial MR systems, RF non-linearities are compensated by calibration measurements and pre-emphasis, which is also possible with this implementation. Note, however, that small RF transmit non-linearities do not affect the deconvolution (and, thus, the image quality) as they are intrinsically accounted for by the measurement of B 1 . For the PA decoupling, transmit nonlinearities might lead to a less optimal isolation, in particular for RF pulses with a large dynamic range. In this case, decoupling would be dependent on the current RF pulse amplitude and phase, which varies over pulse.
In the reconstructed images, blurring of the edges can be observed. Radial sampling and T 2 * decay limits the fullwidth at half-maximum (FWHM) resolution [15] . For the rubber sample with a very short T 2 * of 0.5 ms, a T 2 * decaydependent blurring of eight pixels was expected. Additional blurring would be introduced due to the large effective slice thickness caused by 2D acquisition without slice selection, B0 at the edges, and the angle between the holes axes and the imaging plane. If we assume a short T 2 * of 10 ms (which is already shorter than typical T 2 *s in tissue at 3T), the T 2 * decay during data acquisition would lead to a widening of the point spread function FWHM by a factor of 0.2-thus, the T 2 * decay and 3D sampling cannot account for the observed blurring of more than two voxels. The blurring could be caused by small errors in the gradient trajectories which lead to misalignments of the k-space data. Another possible source of blurring could be a filtering effect in k-space: depending of the location in the imaged object, the actual time of the excitation within the sweep pulse varies, which leads to a spatially varying repetition time. This effect is small from one radial projection to the next, but it can introduce variable T 1 relaxation and, thus, amplitude modulation. To improve image quality, gradient trajectories need to be mapped, and the k-space filtering effect could be removed by advanced pulse sequence strategies. Increased bandwidth is a direct way to decrease off-resonance blurring in radial imaging of fast relaxing spins, where the trend of increasing the maximum gradient strength will help to improve CEA MRI.
In this work the position dependence of B 1 was not included in the analysis described by Eq. 3. As the rubber sample was smaller than the Tx coil, this B 1 inhomogeneity is not expected to influence the quality of the result significantly. Note further, that in the CEA experiment, a frequency-swept RF pulse was used, which is similar to an adiabatic pulse for spin excitation [41] . Adiabatic pulses provide nearly homogeneous RF excitation even in the presence of inhomogeneous B 1 , and, thus, the CEA experiment can be further improved by a careful selection of an adiabatic excitation pulse. With adiabatic pulses, the small tip angle approximation is violated, but a reconstruction should still be possible, as the response of the spin system to the excitation pulse can be computed numerically.
The PA concept can be further expanded by the use of more than two transmit coils that would potentially reduce the remaining B 1 -induced voltage after PA decoupling. Unfortunately, these additional coils can couple to the other transmit coils which might reduce the decoupling efficiency. Numerical simulations or approximate analytical solutions are required to analyze this decoupling problem, which is beyond the scope of the present study. Nevertheless, decoupling with two Tx coils is already good enough to provide CEA MR images with minimal B 1 leakage. Another alternative might be a direct Cartesian feedback of the transmit signal as proposed by Hoult et al. [42] . PA decoupling can potentially be combined with other decoupling methods to achieve extra isolation.
At higher field strengths, PA decoupling can be implemented theoretically using the same approach presented here. However, at higher field strengths, coil and sample dimensions are closer to the RF wavelength, the coupling between Tx and Rx coil may vary more strongly at small displacements of the sample (e.g., during breathing). Nevertheless, the decoupling is still scalar, and the problem is conceptually similar to B 1 inhomogeneity correction with parallel transmit systems. Here, the B 1 map of each transmit coil is measured and the optimum phase/amplitude modulation parameters are calculated to minimize the induced voltage in the receive coil, whereas in B 1 inhomogeneity correction the B 1 field in the target area is made homogeneous. Thus, all existing technologies for B 1 homogenization can be adapted, ranging from simple B 1 shimming to the individual modulation of the RF pulse shapes for each transmit channel to achieve maximum transmit-receive isolation.
As a further improvement, it is possible to use an optimized RF pulse at Tx coil-2 so that the decoupling is maximized. Such a pulse could take into account additional effects such as system non-linearities, and it would bring more degrees of freedom to the setup.
The same setup and system can also be used for conventional pulsed MR sequences such as UTE. The concept of reducing the B 1 -induced currents in UTE sequences was first presented as a potential solution to the acquisition delay problem in UTE sequences due to coil ring down time [23] . The acquisition delay after RF excitation is caused by T/R switching, ADC filtering, and the coil ring down time. Using the active decoupling method presented in this work, T/R switches can be eliminated from the setup because the method provides an isolation of 70 dB between the transmit and receive coils with the initial setup of two transmitting and one receive coils. In addition, this isolation decouples the Tx and Rx coils during the excitation, resulting in a reduction in the energy that is deposited in the receive coil during excitation and a decrease in coil ring down time. Therefore, this decoupling method is a potential solution for the acquisition delay problem in UTE sequences.
Extension of the presented decoupling scheme to a planar surface array instead of a single Rx loop coil is challenging to implement. Initially we can start with a planar surface array and treat signals from each coil element separately. Afterwards, signals from all receive elements could be combined. Geometric decoupling is possible for all the coil elements and a certain amount of decoupling could be achieved for each element, although not optimally. It could also be the case that the system requires at least an equal number of transmitters and would still leave the question unanswered, if the field produced by the transmitter array, while fully and actively decoupling it from the receiver, would still be efficient for spin excitation. Extension to the receive arrays is problematic at this point of the research. Experimental validation is required to take a further step towards CEA MRI with receive arrays.
State-of-the-art gradients of clinical MRI systems offer high maximum gradient strengths (up to 80 mT/m) and high slew rates (typically up to 200 T/m/s). Combined with fast T/R switching circuits designed specifically to reduce acquisition delays [3, 13] , high performance gradients can already achieve very broad bandwidths that cover extremely short T 2 * components in vivo. However, rapid gradient switching is limited by physiology due to peripheral nerve stimulation [43] , and increasing gradient strengths are more demanding in terms of system engineering. CEA, on the other hand, approaches the problem from a different perspective and reduces a few hardware demands such as the need for very fast switching circuits. In addition, CEA can evolve in line with parallel transmit array systems. Further studies are necessary to investigate the benefits of CEA in vivo and provide a sound comparison between state of art techniques for imaging of tissue with ultrashort T 2 *.
Conclusion
In this work a new method to decouple transmit and receive systems was described for CEA using a clinical MRI system with a parallel transmit array system. With this method, a decoupling of more than 70 dB was achieved. In a phantom experiment, CEA MRI could be demonstrated in a rubber phantom with sub-millisecond T 2 * relaxation times. 3D adaption of a CEA sequence was also demonstrated on an ex vivo animal as a more realistic sample and as an initial step prior to in vivo applications.
Currently, different MRI techniques are investigated for short T 2 * tissues such as solids and tightly bound water in bones. For this, many short T 2 * imaging methods have been suggested such as UTE [44] , ZTE [3] , SWIFT [13] , WASPI [45] , or SPRITE [6] . CEA is considered an alternative to these methods, but it has not been investigated in wholebody MR systems due to the challenges in implementation, some of which are reviewed in this study. CEA would be advantageous as it requires a much lower peak power, and it truly provides a zero echo time. However, the decoupling method described here is not restricted to CEA applications. Rather, it can be applied in all applications where B 1 -induced currents need to be decreased without changing the sensitivity of the transmit field.
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